1. Introduction {#sec1}
===============

Optical Coherence Tomography (OCT) has become a gold standard in ophthalmic imaging. Technological developments pushed the performance of OCT by several orders of magnitude: improvement of resolution towards the level of histopathology, improvement of sensitivity by switching from time domain to Fourier domain OCT, improvement of acquisition speed, up to several hundred thousands of A-scans per second due to new light sources and fast sensors. Those developments opened exciting perspectives to tissue structure imaging and visualization of tissue dynamics. As such applications of OCT in ophthalmology are nowadays wide including diagnosis and treatment monitoring of several major ocular diseases. When talking about clinical needs, OCT, however, falls short in diagnostic specificity. In classical OCT the contrast in the images is obtained by light scattering differences. Hence, OCT contains information on the morphology of ocular tissues only, which is an unspecific biomarker of diseases. In particular for the neural retina, visible structural changes may already reflect permanent damages and irreversible vision loss. As such there is a need for techniques that allow for early diagnosis and thus enable the allowing to start of treatment when it is most effective. This is why functional extensions of OCT gained importance during the last years associated with the hope to enhance the early diagnostic capabilities of OCT.

One of the functional extensions of OCT relates to the visualization of the ocular vasculature and quantification of blood flow at the posterior pole of the eye. Given that many ocular diseases are associated with vascular abnormalities, quantitative blood flow assessment as well as qualitative vascular imaging are attractive extensions of OCT. The strength of optical techniques is the unprecedented level of resolution even for small capillary structures or microaneurysms. In addition, the possibility to combine OCT with different techniques such as tissue spectroscopy may provide valuable insight into tissue metabolism. Nowadays the gold standard for retinal vascular imaging is fluorescein or indocyanine green (ICG) angiography with the need to administer contrast agents ([@bib119]). ICG absorbs light in the infrared region where tissue scattering is lower, and therefore allows imaging of deeper vessels in the choroid, whereas fluorescein is applied for contrasting retinal vessels. No technique has, however, been realized that allows to distinguish flow signatures of different vascular beds in depth.

A variety of ocular diseases were found to be linked to alterations in retinal blood flow including diabetic retinopathy ([@bib20; @bib29; @bib79; @bib95]), age-related macular degeneration ([@bib30; @bib31; @bib79]) and glaucoma ([@bib15; @bib22; @bib70; @bib96]). Quantification of retinal blood flow, however, is a major challenge and although several approaches have been realized, none of them has found its way into clinical praxis. Nevertheless significant advances in our understanding of the ocular circulatory supply have been obtained in the recent years ([@bib83; @bib84; @bib93; @bib94]). Attempts have been made to extract quantitative retinal and choroidal blood flow information from fluorescein and ICG angiograms, but due to the invasive nature of these investigations they cannot be performed routinely ([@bib86]). A non-contact and label-free method for tissue perfusion assessment is laser Doppler flowmetry (LDF). This method uses coherent laser illumination and detects the beating frequency between light scattered by moving blood cells that experience a Doppler shift and those light components that are scattered from static tissue ([@bib89]). Fourier analysis of the beating frequencies gives relative quantitative information about flow and particle concentration. Alternatively speckle fluctuations can be used as an indicator of blood flow, allowing for quantification of blood flow in the retina, choroid and optic nerve head ([@bib103]). Laser Doppler velocimetry (LDV) is a related method that has been applied to study retinal blood velocities in arteries and veins ([@bib87]). For local assessment of blood velocity in selected vessels, bidirectional LDV has been successfully applied, analyzing the beating frequency spectrum to extract the absolute blood velocity ([@bib88]). Combining this technique with measurements of retinal vessel diameters from fundus photographs has for a long time been the only method applicable for the measurement of total retinal blood flow ([@bib34; @bib90]), but cannot be applied in a clinical setting because of the time-consuming procedure.

Another technique uses ultrasound to extract blood velocities in retrobulbar vessels, but due to the limited resolution of the technique no data on cross-sectional area is available ([@bib25; @bib102]). Measurement of retinal vessel calibers has in the recent years found wide application because of its potential to predict the risk of cardiovascular disease. A major advantage of this approach is that it can be assessed with high sensitivity and reproducibility ([@bib33]). Large-scale studies have shown clear associations between alterations in retinal vessel diameters and incident stroke ([@bib51; @bib66]), systemic hypertension ([@bib16]), diabetic retinopathy ([@bib75]) and glaucoma ([@bib50]).

Nevertheless retinal vascular caliber is only a small part of the complex vascular supply of the retina and there is a considerable need for more sophisticated technologies. Indeed there is a need for a high resolution, label-free, tissue angiography and flow assessment that in addition allows for precise depth gating of flow information. The most promising candidate is Doppler Optical Coherence Tomography (DOCT), which shares the advantage with laser Doppler technology of being non-contact, label-free, and without employing hazardous radiation. Contrary to LDV, DOCT provides, however, fully quantitative volumetric information about blood flow together with the vascular and structural anatomy. Segmentation and visualization of blood vessels from OCT measurements, called also as "OCT angiography", acts directly on the standard OCT data sets. It is only a matter of post-processing in combination with dedicated scanning patterns that determines whether one reconstructs the OCT intensity or angiography images. Having both intensity and angiography information available with the same data set potentially reduces the shortcoming of DOCT being only sensitive to blood at motion, not sensing static leakage sites. Also systemic vascular diseases may be visible through studying the integrity and perfusion properties of vasculature networks in the eye. For example, the irregular vascular network of tumor tissue in mouse skin has been imaged and characterized with an impressive level of detail. DOCT has furthermore great potential for treatment monitoring, e.g. during anti-VEGF therapy. Because of the huge potential of DOCT for diagnosis, the last years saw a rapid increase of publications in this field with many different approaches.

1.1. Phase resolved DOCT {#sec1.1}
------------------------

### 1.1.1. Time domain {#sec1.1.1}

The history of measuring blood velocities using OCT-based technology started in the mid 1990s. These early approaches were based on time domain techniques. OCT uses the short coherence length of the employed broad bandwidth light source for axial sectioning ([@bib28]). Interference fringes are detected only if the sample arm distance in an interferometer matches the reference arm length within the temporal coherence length. This defines the axial resolution, which is inversely related to the spectral bandwidth of the light source. A reflectivity profile called [A-scan](http://en.wikipedia.org/wiki/A-scan){#intref0010} contains information about the anatomical location of structures within the investigated tissue analogue to ultrasound techniques. A cross-sectional image called [B-scan](http://en.wikipedia.org/wiki/B-scan){#intref0015} is achieved by laterally combining a series of axial A-scans. In time domain systems the reference arm length is scanned at a constant speed *v*~ref~. The recorded signal is then characterized by a heterodyne frequency *f*~het~ = 2*v*~ref~/*λ*, where *λ* is the central wavelength. The actual depth profile is obtained via demodulation of the recorded heterodyne signal. If a sample interface moves axially at constant speed *v*~*S*~, the signal experiences a Doppler shift *f*~*D*~, and the instantaneous modulation frequency becomes *f* = *f*~het~ + *f*~*D*~ = *f*~het~ + 2*v*~ref~/*λ*. In case the sample velocity vector *v*~*S*~ encloses an angle $\underset{˙}{\alpha}$ with the illumination direction and the surrounding medium has refractive index *n*, the actual speed *v*~*S*~ is ([@bib14; @bib47; @bib108]):$$v_{S} = {{f_{D}\lambda}/\left( {2n\ \cos\ \alpha} \right)}\text{.}$$

A simple method to detect the Doppler shifted time-domain OCT signal is to record the full fringe signal and calculate the local frequency shift within a small window that is slid across an A-scan. This approach is, however, computationally expensive and thus cannot be employed for in-vivo real-time flow measurements. In addition, the spatial or temporal resolution to axially localize flow is dependent on the velocity resolution of the Doppler system. Dependent on the size of the window one can either select a better frequency resolution, if it is chosen larger, or a better depth resolution, if is chosen smaller. The technique is, however, not suitable for measuring lower velocities in capillaries or venules of the retina, which are typically below 1 mm/s ([@bib54]).

An alternative method uses phase-sensitive Doppler analysis, offering the advantage of decoupling of spatial and frequency resolution ([@bib81; @bib123]). Conventional OCT is based on the measurement of the amplitude of the backscattered light. In DOCT depth localized phase difference between adjacent A-scans at all lateral positions *x* is measured. Measuring the phase changes between two A-scans (Δφ) yields a quantitative value for the velocity if the time between the two measurements *T* is known.$$v\left( {x,z} \right) = {{\lambda\Delta\varphi\left( x,z \right)}/\left( 4n\pi T \right)}\text{.}$$

Several techniques were employed to allow for phase resolved measurements of the time domain OCT signal ([@bib117; @bib121; @bib118]) to calculate the velocity. Using these approaches it was possible to measure the pulsatility of retinal blood velocity in larger retinal vessels in humans ([@bib121]). Nevertheless, even with those systems a natural border on system speed for retinal imaging is set by the maximum power of the laser light which is determined by laser safety regulations. The introduction of Fourier domain based OCT systems brought a paradigm change in achievable acquisition speed without compromising sensitivity or image quality ([@bib59]). Functional extensions like Doppler tomography experienced new impetus towards clinical applications.

### 1.1.2. Fourier domain Doppler tomography {#sec1.1.2}

After recognizing that Fourier or spectral Domain OCT (FDOCT) has unprecedented advantages with respect to imaging speed and sensitivity ([@bib59]), it has largely replaced time domain OCT. The introduction of FDOCT has also immediately led to increased research for functional extensions of OCT. First functional extensions of FDOCT for measuring blood flow were presented already in 2002 and gave a demonstration of the high phase sensitivity of the method ([@bib60]). This stability is due to the fact that the full depth structure is encoded in parallel by the recorded spectral interference pattern and no reference arm scanning is needed. The technique is called FDOCT, because the interference pattern is recorded in the spectral Domain for each lateral position and the full complex valued tomogram is reconstructed via Fourier transform ([@bib32]):

There are two variants of FDOCT: spectrometer based FDOCT and swept source OCT. In the first case the spectral interference pattern is recorded with a spectrometer in a parallel way, whereas in the second, the interferogram is acquired as a function of time using a wavelength-tuning source at the interferometer entrance. The second method has certain advantages in the near infrared region above 1 μm where detector arrays are expensive ([@bib62]). In addition, swept source OCT systems may improve acquisition speed. The introduction of Fourier domain mode locked (FDML) swept sources made for the first time A-scan rates of several hundreds of kHz available ([@bib44; @bib45]). Acquisition speed in spectrometer based OCT systems can on the other hand be improved by employing fast and sensitive CMOS technology ([@bib82; @bib97]) (see [Figs. 1 and 2](#fig1 fig2){ref-type="fig"}).

Analogous to time domain OCT axial sample motion is extracted via calculation of the phase difference between adjacent depth profiles for each depth position. For unambiguous velocity determination the phase difference Δ*ϕ*(*x*, *z*) needs to be confined to \[−π, π\]. If the phase difference exceeds π the longitudinal velocity component *v*~*‖*~ = *v*~*S*~cos*α* = Δφ*λ*/(4*nT*) cannot be unambiguously determined anymore. According to the Nyquist theorem the maximum quantifiable speed is $v_{||}^{(\text{max})} = \pm {\lambda/\left( 4nT \right)}$ yielding a velocity range of Δ*v*~‖~ = *λ*/(2*nT*). Averaging filters are applied for analyzing cross sectional flow profiles within vessels. Care has to be taken for speeds close to the maximum detectable velocity. The reason is the statistical broadening of the phase distribution. The distribution for values close to π becomes wrapped by −2π and appears in part as negative phase differences ([Fig. 3](#fig3){ref-type="fig"}). Averaging over several phase values from the wrapped distribution will therefore result in a lower mean value of the velocity. The width of the distribution has been analyzed in detail by [@bib104].

On the other hand, averaging will in general increase the phase resolution of the system resulting in higher velocity sensitivity. Phase fluctuations are mainly attributable to two factors ([@bib76]): a signal-to-noise ratio (SNR) dependent term and a term that depends on the lateral sampling. If lateral oversampling is increased it may therefore be possible to hit the boundary set by SNR of the OCT system. Hence the velocity sensitivity can be increased if phase averaging is employed thereby reducing phase fluctuations. The minimum detectable velocity in a DOCT system usually depends on the scan rate 1/*T*. This has strong implications for the performance of DOCT since faster image acquisition will reduce the velocity sensitivity.

Obviously it is important to quantify the minimum resolvable velocity of an OCT Doppler system, but there is currently no standardized procedure. Often a mirror is used as sample and the system phase noise is measured at a single position without scanning. With such a configuration phase noise values in the order of 0.01 rad were measured. This situation is, however, not representative for actually measuring flow within scattering structures employing lateral scanning. First, the signal from the mirror has much higher SNR than that from scattering samples, but even more important, lateral scanning across a reflecting surface will not contribute to the phase error. The contribution of scanning across a scattering surface is usually the dominating term. A reliable performance figure is obtained by plotting the histogram of phase difference values taken from an actual tomogram of static scattering structure. The fluctuations will manifest as broadening of the phase difference distribution. The full-width-at half-maximum value of this distribution is a figure that characterizes quantitatively the sensitivity of the DOCT system ([Fig. 4](#fig4){ref-type="fig"}).

### 1.1.3. Angle ambiguity and bi-directional Doppler OCT systems {#sec1.1.3}

As in all techniques that employ the Doppler effect for measuring blood velocity DOCT is in principle only capable to measure the axial flow component (cf. [Fig. 5](#fig5){ref-type="fig"} and Eq. [(1)](#fd1){ref-type="disp-formula"}). One immediately observes that for *α* = 90°, i.e., for optical axis and flow vector being perpendicular, the velocity cannot be measured because the Doppler shift or the phase difference becomes zero. Indeed the velocities in a DOCT system can only be determined within a certain range of Doppler angles, called angle bandwidth that depends on the absolute blood speed within the vessel. Hence, there is a certain angular range for which structures moving at a given speed are visible depending on the minimally resolvable velocity. The angle bandwidth dependence on velocity is highly non-linear and can be obtained from Eq. [(1)](#fd1){ref-type="disp-formula"} as$$\Delta\left( {\cos\ \alpha} \right) \propto - {{\Delta v}/v^{2}}$$

The situation is shown in [Fig. 5](#fig5){ref-type="fig"}. Angular bandwidth needs to be considered in particular for vascularization geometries with varying angles of incidence like in the region of the optic nerve head. This discussion also makes clear that if we do not know the angle it is impossible to obtain the true value for the absolute blood velocity. There have been many different approaches to obtain the missing lateral flow component.

Straightforward ways for angle determination were only available after the establishment of FDOCT, which allowed for high-speed volumetric in-vivo imaging of structure and flow. A variety of post-processing approaches have been published allowing for the extraction of three-dimensional vessel geometry. The local vessel gradients with respect to the optical axis give the missing angle correction factor to determine absolute velocity. One approach is to measure the local vessel gradient between tomograms taken at adjacent vessel cross-sections. [@bib109] demonstrated the use of circular scanning patterns with different radii centered at the optic nerve head to extract total blood perfusion of the retina and to extract the vessel orientation. Other techniques have been proposed yielding the full velocity vectors of retinal flow based on high-speed Fourier domain DOCT data ([@bib63; @bib68]). The main problem with this approach is the excessive amount of data that has to be processed associated with long computation time. Another approach uses the en face image (frontal sections of layers at the posterior pole of the eye also called C-scans) to extract the velocity vector ([@bib63]). Two representative cross-sectional flow images of the vessel are taken to extract vessel diameter, orientation, and position. Using this approach the authors were able to extract the volumetric blood flow rate of retinal arteries before and after a bifurcation thereby validating this technique in a healthy human eye. One of the problems of all the techniques that aim to determine the angle from consecutive images is that they are dependent on movements of the eye.

As such several investigators proposed systems that use multiple beam illumination to overcome this problem. [@bib24] were the first to demonstrate a bi-directional system for absolute flow measurement in vitro illuminating the sample from two angles with orthogonally polarized beams. Other investigators showed that the two beams can also be distinguished by path-length encoding ([@bib77]). Pedersen and co-workers introduced a glass plate into the OCT beam pathway to delay one part of the probe beam. The sample beam is then divided into several components with different group delays and different Doppler angles. By combining the Doppler shifts measured in each of these component interferograms the authors were able to fully determine the velocity vector in in vitro experiments. [@bib46] employed a technique with two probe beams and two spectrometers to image zebrafish larvae. Fly-through videos of an entire fish as well as through the head, heart, and upper tail of the fish were acquired and absolute flow rates could be measured in larger vessels.

None of the above bi-directional DOCT methods was, however, applicable for measurements of human retinal flow. We have designed a dual beam bi-directional OCT system capable of measuring retinal blood flow independent of the angle of incidence as long as it is close to 90° ([@bib115]). The geometry at the back of the eye is depicted in [Fig. 6](#fig6){ref-type="fig"}. The vessel is illuminated by one laser beam at the Doppler angle *α*~1~ and by another laser beam at the Doppler angle *α*~2~. The two probe beams are separated by the angle Δ*α*. The angle between the velocity vector and the plane perpendicular to the optical axis of the illuminating beams is termed *γ*, while the angle between the velocity vector and the plane spanned by the two illuminating beams is named *β*. The advantage of this configuration is the easy extraction of the out of plane flow direction (angle *β*) from either fundus images or en face images ([Fig. 7](#fig7){ref-type="fig"}). The latter is readily available from axial projection of 3D OCT data ([Fig. 7](#fig7){ref-type="fig"}). Applying some basic trigonometry it can be shown that the absolute flow velocity can be extracted independently of the angle of incidence. The sin Δ$\underset{˙}{\alpha}$ can be replaced by Δ*α* if the angle is small. By measuring the phase differences ΔΦ~1~ and ΔΦ~2~ in each channel the absolute flow velocity can be calculated as *v* = *λ*. (Φ~1~ − Φ~2~)/(4π*τn*cos*β*Δ*α*). Using a parallel displacement of the two probe beams of 2 mm at the cornea, the separation angle Δ*α* at the ocular fundus for the Gullstrand standard eye is approximately 4.7° or 0.082 rad.

Several experiments were performed to test the validity of the technique and to study the feasibility to measure retinal blood flow. In vitro experiments showed good agreement between dual beam bi-directional Doppler measurements and perfusion rates in glass capillaries ([@bib114]) as set with calibrated pumps and velocities of a rotating disc ([@bib115]). In vivo validation of the technique is not easy, because as pointed out above no currently available technique can be considered as gold standard. One approach is to study volumetric flow rates before and after bifurcations ([Fig. 8](#fig8){ref-type="fig"}). According to the law of mass conservation volumetric blood flow in the trunk vessel needs to equal the sum of volumetric blood flow in the two daughter vessels. As can be seen from correlation analysis, good agreement is achieved indicating for the validity of the technique. Another proof of validity relates to Murray\'s law. Indeed there is a linear correlation between blood flow and blood vessel diameter in a log--log scale ([Fig. 9](#fig9){ref-type="fig"}).

Another set of experiments was performed to study the agreement between data as obtained with bi-directional laser Doppler velocimetry and those obtained with dual beam bi-directional Doppler OCT. This study was done in healthy subjects during normoxia or hyperoxia as obtained with 100% oxygen breathing ([@bib116]). The data are summarized in [Fig. 10](#fig10){ref-type="fig"}. Generally good agreement was found between the data with higher degrees of correlation during normoxia than during hyperoxia. This is most likely caused by problems with laser Doppler velocimetry during states of vasoconstriction during 100% oxygen breathing, because there is no control whether the laser beam hits the center of the blood vessels.

This is also evident from a further analysis of the data from the 2 channels. The phase shift in the 2 channels can be approximated as$$\begin{array}{l}
{\Phi_{1} = V \cdot \frac{4\pi n\tau\ \cos\ \beta}{\lambda} \cdot \left( {\frac{\pi}{2} - \varepsilon} \right)} \\
{\Phi_{2} = V \cdot \frac{4\pi n\tau\ \cos\ \beta}{\lambda} \cdot \left( {\frac{\pi}{2} - \varepsilon - 0.082} \right)} \\
\end{array}$$

In this equation the angle *ε* was introduced defined as *α*~1~ − *γ*, and the value 0.082 denotes for the separation angle of the two probe beams at the ocular fundus in radiant. To calculate absolute velocity in a blood vessel knowledge of *ε* is not required as mentioned above. Once the absolute velocity is, however, calculated the angle *ε* can be calculated based on Eq. [(3)](#fd3){ref-type="disp-formula"} for both channels independently. Obviously the degree of association between the values for *ε* as obtained by the data from channel 1(*ε*(ch1)) and those from channel 2 (*ε*(ch2)) is an index for the validity of data. This angle can also be calculated accordingly from the data as obtained with laser Doppler velocimetry ([@bib116]). As shown in [Fig. 11](#fig11){ref-type="fig"} calculation of *ε* is more consistent when Doppler OCT data are used as compared to laser Doppler velocimetry data.

A critical issue in Doppler OCT is related to eye movements. From [Fig. 6](#fig6){ref-type="fig"} it is clear that any eye movement that changes angle *δ* will also change the Doppler angle. This is a critical issue, particularly because *α* is usually close to 90°. [Fig. 12](#fig12){ref-type="fig"} shows the time course of a measurement during which the eye showed a small movement. Although the Doppler angle in this example changes only by a few degrees relying on a single channel would lead to erroneous results evening implying a change in the direction of blood flow. By contrast, ΔΦ = Φ~1~ − Φ~2~ remains almost unchanged indicating for constant blood flow during the measurement. [Fig. 13](#fig13){ref-type="fig"} shows the effect of an eye movement (angle *δ*) on the error in extracting the phase (phase shift Φ~*m*~). Obviously the error is the higher the larger *δ* and the closer *α* to 90°. This also holds true for any error in the determination of the Doppler angle for other reasons, which directly introduces an error of the absolute blood velocity.

Recently we have introduced a technique allowing for the direct calculation of flow out of bidirectional Doppler cross sections perpendicular to the illumination plane, which is independent of the angle *β* and of the Doppler angle. For this purpose the illumination plane orientation was set and remained perpendicular to the slow axis scanning direction. Calculation of the flow from phase difference tomograms cancels out the dependence of absolute velocity and vessel cross-section on the vessel angles ([@bib10]). Bi-directional approaches can even be extended to systems with more than 2 beams, thereby improving reconstruction of the full velocity vector ([Fig. 14](#fig14){ref-type="fig"}, [@bib107]). Obviously such an approach does, however, add to system complexity and difficult alignment. Nevertheless such an approach holds promise and validity has been shown in vivo at retinal bifurcations.

### 1.1.4. Measuring total retinal blood flow {#sec1.1.4}

When measuring total retinal blood flow using Doppler OCT, all retinal vessels entering the optic nerve need to be measured. Total blood flow can then simply be obtained by summing up all flow values in the arteries or veins. Importantly blood velocity shows significant pulsatility during the cardiac cycle particularly in arteries. As such total blood flow can only be measured if blood velocity is averaged over several pulse periods resulting in relatively long acquisition times. When measuring total retinal blood flow, values can either be obtained from all retinal arteries or all retinal veins. Measuring both total retinal arterial and venous blood flow offers the advantage of an internal control since the values need to equal. Care must, however, be taken that the system is capable of measuring the different phase shifts that relate to the different velocity ranges in arteries and veins.

One critical issue that is often overseen relates to the extraction of the diameter information. Errors in vessel diameters are of particular importance, because they enter the blood flow calculation quadratic. Determination of the vessel diameter using OCT can either be done from amplitude or from phase images. Obviously only the *z*-direction can be used for extraction of vessel diameter, because the transversal resolution of OCT systems is not sufficient if not coupled to an adaptive optics system. A major problem in diameter measurement using OCT is that blood is highly scattering and absorptive, resulting in shadowing effects behind the vessel and obscuring the rear vessel boundary. In the phase image, an additional problem relates to low velocity values at the border of the vessel. Depending on the phase noise of the system, this will lead to erroneously underestimated vessel diameter vessels. As such some investigators used fundus photographs to extract vessel diameters ([@bib114; @bib116]). A systematic investigation on the errors as introduced from measurement of vessel diameters using OCT is still lacking.

[@bib109; @bib113] were the first to measure total retinal blood flow employing Doppler OCT. Using double circular scans around the optic nerve heads total retinal blood flow values of 45.6 ± 3.8 μl/min were reported. The coefficient of variation was 10.5% for repeated measurements. Based on circular scans the angle can also be extracted directly from the volume if a reference volume scan is employed ([@bib101]). If techniques are employed that use bi-directional system the problem of avoiding large angles *β*, which lead to large deviations in velocity calculation when wrongly estimated, have to be overcome. One approach is to use a rotating Dove prism to always align the probe beams detection plane parallel to the velocity vector. Using this technique [@bib10] measured blood velocities in all vessels entering the optic nerve head with a swept source based system. A measurement as obtained with this approach is presented in [Fig. 15](#fig15){ref-type="fig"}.

Alternatively total retinal blood flow can also be obtained using a rectangular scanning pattern around the optic nerve head ([Fig. 16](#fig16){ref-type="fig"}). At a rotational position of 0° the two probe beams are aligned vertically. At 90°, however, the two beams are aligned horizontally ensuring that *β* is in a range allowing for blood velocity extraction in all retinal vessels. Extracting retinal vessel diameter information from fundus recordings using a Retinal Vessel Analyzer (RVA, IMEDOS GmbH, Jena, Germany) allows for quantification of retinal blood flow. In 4 healthy subjects total retinal blood flow values between 29.7 and 42.4 μl/min were obtained ([@bib27]).

Another bi-directional approach was recently reported by [@bib23]. Here, the two probing beams are separated and guided to the retina by two independent 2D optical scanners. For the measurement of retinal blood velocity and retinal blood flow, the Doppler angle of each blood vessel segment is calculated from the relative coordinates of the centers of the blood vessel in the two simultaneously acquired OCT images. To obtain total retinal blood flow, circular scan pattern centered at the optic disc are preformed. In two subjects blood flow values of 47.0 μL/min and 51.4 μL/min were obtained, respectively.

Absolute blood flow can also be directly measured using en face cross-sections ([@bib7]). The angle-independence is a major advantage of this technique, but it requires a high-speed OCT platform. The vessels within the volume are scanned consecutively and only at very high speeds full data over the entire cardiac cycle can be obtained. This obviously results in a very high amount of data recorded for each blood flow measurement. Measurements can only be performed close to the optic nerve head. Using this approach a total retinal blood flow of 43.2 μl/min was reported in one subject ([@bib19]). The system was also applied for total retinal blood flow measurements in rats, but no reproducibility data have been reported so far.

1.2. Optical Angiography {#sec1.2}
------------------------

Optical Angiography based on OCT aims at contrasting blood vessels against static tissue in a full depth resolved and label-free manner. This differentiates it from the gold standard being fluorescence angiography, which requires administration of intravenous markers such as fluorescein or ICG. OCT angiography experienced a breakthrough during the last years with the development of high speed OCT technology, such as fast sensors as well as ultra-fast swept sources. The speed is of particular advantage for functional OCT imaging, since the demands concerning sampling are in general higher and more critical as for pure intensity based OCT. This is not only true for quantitative DOCT, but also for DOCT angiography.

Similar to quantitative DOCT a multitude of different approaches for contrasting tissue vasculature exist, including phase resolved and pure intensity based modalities. Developments include speckle and phase variance imaging ([@bib124]), phase power Doppler imaging ([@bib64; @bib76; @bib118]), resonant Doppler imaging ([@bib6]), optical microangiography ([@bib4]), joint frequency and time domain Doppler OCT ([@bib105]), and other different flow filtering methods ([@bib53; @bib106]) to characterize and contrast perfusion of tissue volumes. Enhanced and flexible velocity sensitivity has been achieved by employing dual beam setups. Two beams are laterally offset, and scan the same spot after an adjustable time interval, given by the lateral displacement and the scanning speed ([@bib48; @bib49; @bib126]). Furthermore post processing algorithms to filter vessel structures out of intensity tomograms work well in the retina. This is due to the strong contrast of highly backscattering blood to the embedding transparent retinal tissue ([@bib26; @bib98]). Excellent results have been achieved by measuring the amount of signal decorrelation, which is a result of structural changes over time. Such structural changes over time occur when erythrocytes change its position during the time between consecutive images. Techniques analyzed the change in speckle structure ([@bib65]), phase ([@bib52]), or the full complex signal over time ([@bib3]), by calculating signal differences, or variances. In order to observe signal decorrelation even of small capillary flow relatively long time intervals between acquisitions are required, typically more than a few milliseconds. They are equivalent to a few hundred scans per second. Obviously, having such A-scan rate is too slow for in-vivo volumetric imaging. On the other hand, with high speed OCT, it is possible to achieve B-scan rates of several hundred scans per second, which is exactly the timing needed for high sensitive flow contrasting down to the level of smallest retinal capillaries. Thus instead of calculating signal decorrelation between A-scans, one considers successive B-scans or parts of B-scans ([@bib12; @bib38]). Another important factor is the oversampling ratio. Clearly, if the oversampling is too low, signal decorrelation will occur for all structures even without bulk motion, again degrading the blood flow contrast. This imposes important restrictions concerning the covered angular extent on the retina, as typical imaging times for a full volume should be kept to a few seconds. This is of course different if a tracking system is employed allowing for stitching of several recorded volumes of smaller areas. In this case, the B-scan rate might even be slower, as long as the proper correlation between two acquisitions for the static bulk tissue is maintained.

High speed OCT has been realized either using a spectrometer based OCT equipped with fast CMOS sensors, or by swept source OCT. An advantage of the latter is the use of higher central wavelengths -- just above 1 μm -- that offer better penetration into choroidal structures ([@bib43; @bib85; @bib120]). Imaging choroidal perfusion and vasculature is of particular interest for retinal diseases involving choroidal neovascularization.

[Fig. 17](#fig17){ref-type="fig"} demonstrates the strategy for calculating high motion sensitive DOCT angiographies. Several B-scans are recorded at each vertical position at a rate of one to a few hundred Hz ([Fig. 17](#fig17){ref-type="fig"}(a)). The signal changes over time are then analyzed in post-processing, and used for calculating a motion contrast volume ([@bib11]). Most appropriate for swept source OCT is to analyze changes in the intensity signal rather than the phase signal. In order to contrast moving structures one calculates intensity differences between successive logarithmically scaled tomograms. Static tissue will ideally cancel out, whereas dynamically changing structures, that cause fluctuations in intensity, remain ([Fig. 17](#fig17){ref-type="fig"} (b)). Averaging over the difference tomograms obtained at the same vertical position *y* can enhance the motion contrast. It is, however, important to exclude the difference tomograms with excessive bulk motion artifacts, due to involuntary patient motion. The contrasted vascular network is usually best appreciated from en-face views. They are easily obtained by integrating the difference signatures over selected depth ranges. [Fig. 17](#fig17){ref-type="fig"}(d) shows a resulting OCT angiogram from the inner retina integrated over the retinal nerve fiber layer down to the outer nuclear layer. Even small capillaries are visible in the parafoveal region, allowing for precise assessment of the size of the foveal avascular zone.

For 3D visualization of the vascular structure one needs, however, to deal with axial shadowing artifacts. The appearance of speckle decorrelation tails below a vessel is a distinct feature of highly sensitive motion contrast techniques. The light scattered below the vessel needs to cross the strongly scattering blood volume. Multiple scattering together with the dynamic inhomogeneous refractive index distribution within the vessel lumen causes phase as well as speckle decorrelation even for light backscattered from static structures below the vessel. The difference tomogram in [Fig. 17](#fig17){ref-type="fig"}(d) gives an impression, how those artifacts appear and how they obscure signatures from lower tomogram regions. Using the intensity information for weighting or even masking can reduce this artifact and allows displaying 3D rendered angiograms.

An interesting feature of using the phase variance for motion contrast is to have a rough estimate about the blood velocity in these small vessels. We have already seen in chapter 1.1 that the phase difference is proportional to the axial flow velocity. Calculating the phase variance is even independent of the Doppler angle for flat vessel beds, which cover most of the inner retina, including also the choriocapillaris. Quantitative assessment of the velocity needs, however, fast scan rates in order to avoid complete decorrelation of flow signals. Recent developments demonstrated wide field quantitative DOCT angiographies with large velocity bandwidths for well-fixated samples ([@bib58]). Those methods are not yet easily applicable for retinal imaging, due to the required B-scan speeds of more than 1 kHz, but can be expected to gain a major role for future technological developments in DOCT.

1.3. Noise and artifacts in Doppler OCT {#sec1.3}
---------------------------------------

Noise is a limiting factor for both the velocity resolution and motion sensitivity in DOCT. As mentioned above the minimal resolvable Doppler velocity is proportional to the phase noise of the OCT system, which depends on the SNR of the OCT system and on the scanning procedure. For the latter the phase noise will depend on the amount of signal correlation between considered scans ([@bib76]). Standard OCT scanning of commercial platforms uses typically 256 or 512 sampling points or A-scans for one B-scan. Covering 20° (equal to approximately 6 mm) on the retina results in a distance between scanning points of about 12 μm--25 μm. This is in the order of the laser spot size on the retina. Thus the signals of two adjacent scanning points will be mostly decorrelated independent of whether static or dynamic structures are considered. When performing DOCT measurements it is therefore important to keep a good degree of lateral oversampling. As mentioned above the oversampling determines the amount of phase noise introduced by scanning that usually dominates over the previously mentioned SNR limited phase noise. On the other hand, measurement times need to be kept small for in-vivo imaging to avoid large motion artifacts. Hence there is a balancing between DOCT sensitivity and measurement time. This can also be put as balancing between DOCT sensitivity and covered field of view.

An intrinsic artifact of spectrometer based DOCT is interference fringe wash-out ([@bib6; @bib122]). The Fourier domain OCT signal is recorded with a spectrometer and the modulation frequency of this signal is determined by the axial position of the scattering structure. In case this structure, e.g. red blood cells, moves axially, the frequency of these interference fringes changes. Clearly, if those changes appear during exposure of the camera that records the spectral interference pattern blurring takes place. This is analogous to blurring in photography, when moving objects are imaged. Obviously, the amount of blurring depends on the relation between exposure time and object velocity. Signal blurring, or fringe wash-out, causes in the extreme case complete vanishing of fast moving structures in the OCT intensity tomograms. At those positions, the velocity cannot be assessed anymore. Thus, in particular for arteries with high systolic peak velocities, the central part of the assessed velocity profile is often dominated by noise. Calculating the average velocity across the vessel area will then result in underestimation. If one assumes parabolic flow profiles, the missing velocity values can be reconstructed ([@bib101]), although it is unclear whether parabolic flow profiles can be expected in all retinal vessel. This fringe wash-out artifact is, however, not present with swept source OCT systems, leading in general to more reliable flow calculation ([@bib42]).

For quantitative DOCT the velocity is in general determined from phase differences (chap 1.1). The phase difference however is only unambiguous within \[−π, π\], which sets the limit for the maximum velocity as mentioned above. Beyond this range, phase wrapping appears. This is demonstrated in [Fig. 18](#fig18){ref-type="fig"}. As the velocity across the vessel increases it finally crosses the unambiguous velocity range. As a result it re-appears wrapped at the lower velocity boundary. If the initial direction of the velocity profile is known, one can easily unwrap single phase wraps by adding or subtracting 2π. With multiple phase wraps this simple method fails, and more sophisticated approaches are needed. Proper selection of the scanning rate or the analysis interval can, however, in general avoid multiple phase wrapping artifacts ([@bib9; @bib67]).

2. Applications {#sec2}
===============

2.1. Applications of measuring blood flow using Doppler OCT {#sec2.1}
-----------------------------------------------------------

As mentioned in the introduction section, there is a significant interest in quantifying blood flow in the retina in a variety of ocular diseases. So far only few studies looked into blood flow alterations in pathological situations, but results are promising. [@bib110] reported reduced total retinal blood flow in a patient with type 2 diabetes with no retinopathy as well as in a patient with type 1 diabetes with quiescent proliferative diabetic retinopathy after vitrectomy and panretinal photocoagulation. Reduced retinal blood flow was also observed in 5 patients with proliferative diabetic retinopathy after laser photocoagulation ([@bib112]).

In patients with glaucoma, reduced retinal blood flow was reported, with a strong degree of correlation between the reduction in blood flow and the loss of visual field ([@bib112]). Recently, it was reported that local retinal blood flow is significantly reduced in the abnormal retinal hemifield of glaucomatous eyes with single-hemifield damage and associated with structural changes in this region ([@bib99]). Reduced retinal blood flow was also reported in patients with nonarteritic ischemic optic neuropathy (NAION) and branch retinal vein occlusion (BRVO), with more pronounced reductions in the more affected hemisphere ([@bib112]).

In the retina, blood flow and neural activation are tightly coupled. This is a phenomenon that is well known in the brain and called neurovascular coupling ([@bib5]). When neurons become active a local increase in blood flow is observed. The mechanisms underlying this response are not fully explored, but involve the release of vasoactive mediators from neurons and astrocytes ([@bib5]). In the retina, this phenomenon exists as well ([@bib55; @bib72; @bib91]) and can for instance be investigated when the retina is stimulated with diffuse luminance flicker. The increase in retinal blood flow is pronounced and values in the order of 45%--60% were reported using different methodologies ([@bib35; @bib69]). Interestingly, flicker-induced changes in retinal hemodynamics appear to be disturbed early in patients with diabetes ([@bib8; @bib37; @bib56; @bib57; @bib73; @bib74; @bib78; @bib80]) as well as in patients with glaucomatous optic neuropathy ([@bib36; @bib39; @bib40; @bib41; @bib71; @bib92]). An increase in retinal vessel diameter, retinal blood velocity and retinal blood flow was also observed using DOCT during flicker stimulation ([@bib61]). An average increase in total retinal blood flow of 22% was reported after flicker stimulation with 8 Hz ([@bib111]).

2.2. Application of lable-free retinal Optical Angiography {#sec2.2}
----------------------------------------------------------

In chapter 1.2 we have seen how to obtain high sensitive 3D angiographic maps using the concept of signal decorrelation. The present chapter aims at outlining the potential applications of OCT angiography and its advantages and drawbacks when compared to the gold standard -- fluorescein angiography. Let\'s start with the most critical point: OCT angiography is a motion contrast technique. Vascular leakage is one of the most important features of retinal vascular pathology that can be observed by FA, but is difficult to be seen at early stages with OCT angiography. As soon as those leakage areas are detected in intensity based OCT tomograms, this advantage of fluorescein angiography is, however, lost. Many pathologies of the eye go along with other vascular alterations in parallel to leakage, which can be monitored using DOCT technology and its different sub-modalities. A main advantage of DOCT technology relates to the ability of OCT to provide depth resolved tissue architecture. This allows for rendering a 3-dimensional representation of the retinal and choroidal vascular architecture in the recorded field of view with high axial and lateral resolution. Retinal vascular pathologies, which involve changes to the vascular network itself, can therefore be recorded and monitored. Furthermore different vascular beds are separately accessible. In the posterior pole of the eye the retinal vasculature receives its input from the central retinal artery. On the other hand, the choroidal perfusion receives its input through the posterior ciliary arteries. Adequate separation of these vascular structures is of importance because they supply different retinal structures, follow different perfusion control mechanisms and are differentially affected by retinal diseases.

The most important advantage of OCT angiography is the property of being label-free. Given the risk associated with the administration of dyes in fluorescence angiography and the significant workload associated with this procedure a truly non-invasive procedure such as DOCT is highly welcome. Another advantage of DOCT relates to its easy operation and short measurement time, a feature that was already important when classical OCT found its way into clinical routine. This allows for both cutting down costs as well as opening the possibility of screening large populations. The latter may have a strong socioeconomic benefit although further studies on the specificity and sensitivity are required.

In order to maintain competitiveness of OCT angiography with fluorescein angiography, the field of view (FOV) should at least be the comparable. As outlined in chapter 1.2, dense sampling is important for high contrast of the vasculature with respect to static tissue. With commercially available swept sources that operate at 100 kHz, patches of slightly more than 10° can be covered. Larger FOV requires stitching of small patches. This is time consuming and works best in conjunction with retinal tracking. The only free parameter to overcome this limitation is imaging speed, i.e., to increase the A-scan rate. In order to achieve a standard FOV of 30° and more with a single recording it is necessary to achieve A-scan rates close to 1 MHz and more. The fastest swept source OCT systems employ Fourier domain mode locked (FDML) laser sources. Retinal imaging has been demonstrated with up to 3 MHz A-scan rates at a center wavelength of 1060 nm. Such a system operating at a frame rate of 1.68 Hz has recently been employed to perform OCT angiography ([@bib11]). The resulting contrasted vasculature within a patch of close to 50° FOV is shown in [Fig. 19](#fig19){ref-type="fig"}. A standard OCT intensity fundus projection in [Fig. 19](#fig19){ref-type="fig"}(a) demonstrates the achieved wide field of view. Applying the decorrelation contrasting scheme to the intensity data and using a depth encoded color representation as indicated in [Fig. 19](#fig19){ref-type="fig"}(b), the vascular architecture over the full wide field of view can be appreciated ([Fig. 19](#fig19){ref-type="fig"}(c)). Within the indicated boxes both inner retinal vasculature but also deeper choroidal vessels are well visible.

Reducing the scanned FOV allows a detailed map of small capillaries in the parafoveal region as shown in [Fig. 20](#fig20){ref-type="fig"}(b). [Fig. 20](#fig20){ref-type="fig"}(c) shows the projection en-face view of the choriocapillaris which exhibits a dense vascular network architecture that compares well to results obtained in-vitro with confocal microscopy.

From [Fig. 20](#fig20){ref-type="fig"}(b) one can clearly recognize the shape of the foveal avascular zone. A widening of this area has been described as a sign of diabetic retinopathy ([@bib2; @bib21]). Currently, the assessment of the foveal avascular zone is performed by fluorescein angiography or fundus photography ([@bib1; @bib100; @bib125]), providing a two-dimensional projection of the vessel structure only. OCT angiography, however, provides a high-resolution three-dimensional representation of this zone. The clinical advantage of this application of DOCT needs to be evaluated in further studies.

Another quantitative parameter that can be assessed is the fractal index of the vascular tree, which has for example been used for quantitative assessment of diabetic retinopathy ([@bib17; @bib18]). Characteristic features are vascular closure, vessel dropout and capillary bed defects leading to ischemia. Those features are also present in other retinal pathologies and the clinical use of fractal analysis has been shown in different contexts ([@bib98]). It has recently been applied to parafoveal retinal capillary structure that was extracted from OCT intensity data using a vessel filter algorithm. Preliminary results are promising showing a difference in fractal index between healthy and telangiectasia-affected structures. Apart from the fractal index further angiographic parameters are accessible through motion contrast. Such conditions include missing capillary signatures due to blockage and ischemia, increased vascular tortuosity, increased branching angles, narrowing of arterioles and venules, displacement and deformation (arteriovenous nicking) at arteriovenous crossings. Some of those signs might be already available through fundus photography, or scanning laser ophthalmoscopy and further studies are required to elucidate how much OCT angiography can add to this. For the choroidal vessels and the choriocapillaris, which are difficult to visualize with standard techniques including intensity-based OCT, OCT angiography holds specific promise. Undoubtedly, non-invasive visualization of the choroid would dramatically improve the diagnostic capabilities of OCT. Hence, even though current DOCT angiographic methods fail to show vascular leakage as compared to FA, there are a multitude of other parameters based on the vessel morphology which may serve as early indicators for retinal, systemic and general vascular diseases.

In [Fig. 21](#fig21){ref-type="fig"} the capability of OCT angiography for contrasting the perfusion of the optic nerve head region, and in particular of the lamina cribrosa is demonstrated. The latter has been hypothesized to play a central role in the development of glaucoma ([@bib13]). [Fig. 21](#fig21){ref-type="fig"} (a) shows a 3D rendered angiogram of the full optic nerve head region. Changes of the optic nerve head vessel structure are furthermore common for central neuropathies such as multiple sclerosis. The detailed vascular architecture of the lamina cribrosa region is displayed in [Fig. 21](#fig21){ref-type="fig"}(b).

Angiographic techniques based on OCT have also been used to image macular pathologies ([@bib43]). Images of a patient with myopic choroidal neovascularization are shown in [Fig. 22](#fig22){ref-type="fig"}. In the en face structural OCT image the region of RPE elevation is characterized by hyperscattering ([Fig. 22](#fig22){ref-type="fig"}(d)). In the DOCT angiogram hyper-Doppler signals are observed in this area as indicated by the arrows ([Fig. 22](#fig22){ref-type="fig"}(e)).

Another example is presented in [Fig. 23](#fig23){ref-type="fig"}. The left eye of a patient with age-related macular degeneration is presented. The active choroidal neovascularization is evident from both the fluorescein angiogram and the ICG angiogram. In the OCT en face projection ([Fig. 4](#fig4){ref-type="fig"}(d)), drusen can be identified as hyperscattering spots. The choroidal vasculature around the choroidal neovascularization appears as a hyperscattering signal (red arrow inside a circle), while other choroidal vessels in non-pathologic regions generally appeared with hypo scattering, as indicated by a yellow arrow. The latter is caused by the deeper penetration beneath the choroidal vessels around the choroidal neovascularization. The DOCT angiogram ([Fig. 4](#fig4){ref-type="fig"}(e)) shows structures that are similar to those shown in the mid-phase of the ICG angiogram ([Fig. 4](#fig4){ref-type="fig"}(c)) even with higher contrast.

3. Conclusions and future directions {#sec3}
====================================

The history of DOCT dates back to the late 1990s. In the last years the development has increased rapidly due to technical innovations and sophisticated acquisition procedures. Phase sensitive analysis of the OCT signal bears significant potential for quantifying blood flow in the retina. Several techniques were proposed to overcome the problem of Doppler angle ambiguity. With those approaches values of total retinal blood flow were published that are in the range of those reported previously. Another major achievement of OCT relates to the improvement in acquisition speed, which was mainly achieved via the introduction of swept source OCT. This has particularly changed our ability to record retinal angiograms with DOCT. Recent innovations have, however, allowed the recording of wide field angiograms, providing in contrast to fluorescein angiography three-dimensional information of the vasculature without the need of any dye.

What can we expect from DOCT in the future? Obviously the technique holds promise for quantifying retinal blood flow. Which of the proposed techniques is best for clinical applications remains unclear to date. Further studies on reproducibility and validity are required to answer this question. Whereas the former can easily be studied the later is more difficult due to the lack of a gold standard technique. In the next years we also may expect a large variety of studies in patients with ocular disease. Quantifying retinal blood flow may have a role in diagnostics, risk stratification, disease monitoring and assessing the effects of therapeutic interventions. Longitudinal studies are, however, required to proof these hypotheses.

Will OCT angiography replace classical fluorescence angiography? The answer is most likely yes. Advantages related to acquisition speed and the omission of the fluorescent dye are striking. Reducing the time required for angiography will be associated with reduced costs and avoiding potentially toxic dyes will decrease the risk for the patient and reduce the time per patient for the physician. The problem that leakage is currently not accessible using DOCT may limit the application, but approaches may exist to overcome this problem. A significant advantage of OCT angiography is that it provides three-dimensional information. The clinical advantages of this approach will most likely be fully explored in the next years.

Part of the experimental work mentioned in this article was supported by the following grants: Fonds zur Förderung der Wissenschaftlichen Forschung (FWF), Projects No. P21570FW and P21406FW, Die Österreichische Forschungsförderungsgesellschaft (FFG) project FA 607A0502, Christian Doppler Laboratory for Laser Development and their Application in Medicine. The authors thank Dr. Doreen Schmidl for her help in preparing this manuscript.

![Doppler OCT measures the axial velocity component *v*~‖~. The yellow line represents the OCT beam.](gr1){#fig1}

![Upper panel: Measured time domain OCT A-scan of two static interface. middle panel: Time domain OCT signal of static interfaces with flow in-between causing a Doppler shift of the heterodyne carrier frequency. Sliding a time window (gray area) along the A-scan and calculating the centroid frequency allows extracting the local Doppler shift *f*~*D*~ (lower panel).](gr2){#fig2}

![(lhs) Histogram of phase difference plot of static tissue. (rhs) Histogram of Doppler shifted phase differences. If the distribution comes close to the limits of ±π the distribution will be wrapped by 2π causing and phase difference averaging leads to incorrect velocity values.](gr3){#fig3}

![Histogram (lhs) of the region confined by the black bars in phase difference tomogram (rhs). The region does not show any flow signal and can be used to quantify the phase difference fluctuations and thus the velocity sensitivity by the full-width-at-half-maximum of the histogram plot.](gr4){#fig4}

![Angle bandwidth for different absolute velocities and a given velocity bandwidth *v*~max~ − *v*~min~ (lhs). (rhs) schematic visualization of flow in dependence of flow velocities *v*~*s*~ and angle bandwidths.](gr5){#fig5}

![Geometrical situation at the posterior pole of the eye. *K*~1~ and *K*~2~ are the probe beam wave vectors, *v* is the velocity vector. *α*~1~ and *α*~2~ are the Doppler angles of the two laser beams and Δ*α* is the separation angle between the two probe beams. *γ* is the angle between $\overset{\rightarrow}{v}$ and the plane perpendicular to the detection plane; and *δ* is the change in illumination angle due to eye movement (reproduced with permission from [@bib116]).](gr6){#fig6}

![Phase Doppler tomograms of two orthogonal polarization channels corresponding to illumination directions along the indicated blue line. The fundus projection of a 3D data set allows extracting the angle *β*.](gr7){#fig7}

![Left panel: Fundus image and OCT en face image of a bifurcation measured with bidirectional Doppler OCT. The blue lines indicate the measurement locations. Right panel: Correlation between blood flow in trunk vessel and sum of blood flow in daughter vessels (*R* = 0.95; *p* \< 0.001). (reproduced with permission from [@bib114]).](gr8){#fig8}

![Blood flow versus blood vessel diameter on a log--log scale. Solid line: best fit result of linear regression (*R* = 0.72, *p* \< 0.001). Dotted lines: 95% confidence interval. (reproduced with permission from [@bib114]).](gr9){#fig9}

![Correlation analysis for velocity measurements. Correlation between velocity and blood flow as assessed with LDV and DOCT, respectively, during baseline conditions and during hyperoxia. Dotted lines: 95% confidence interval. (reproduced with permission from [@bib116]).](gr10){#fig10}

![Calculation of angle *ε*. Angle *ε* as calculated from measurements using OCT (left panel) and LDV (right panel) from the two channels. Calculations were done at baseline (blue) conditions as well as during hyperoxia (red). (reproduced with permission from [@bib116]).](gr11){#fig11}

![Sample phase extraction of a baseline measurement. Over the measurement period of 12 s the eye moved relative to the incoming laser beams resulting in pronounced changes in Φ~1~ and Φ~2~, but almost unchanged ΔΦ. (reproduced with permission from [@bib116]).](gr12){#fig12}

![Relative error induced by an eye movement of the angle *δ* between −3 and +3° on Φ*m*/Φ depending on the angle of incidence.](gr13){#fig13}

![Schematic diagram of a three-beam measurement geometry to extract the full Doppler angle: top- and side-view on the left, three-dimensional (3-D) model on the right. (reproduced with permission from [@bib107]).](gr14){#fig14}

![Time course of blood flow velocity evolution in all vessels scanned by a rotating Dove prism. Red and blue represent the axial velocity measured for the two channels, left scale. It permits to calculate the absolute velocity (black line) and its mean value (dotted line), right scale. (e) is a ∼15° fundus view centered at the ONH obtained by calculating the en-face mean projection of an OCT 3D data set. (reproduced with permission from [@bib9]).](gr15){#fig15}

![Scanning pattern around the optic nerve head. The scanning positions denoted by lines in the fundus image (left panel) and the corresponding OCT phase images for each scanning position (right panel) are presented.](gr16){#fig16}

![(a) Recording scheme for DOCT angiography; (b) Calculated 3D DOCT angiogram; (c) taking the en-face projection by e.g. plotting the maximum intensity results in comprehensive en-face angiography maps; (d) zoomed region of dotted box in (b) showing the signal decorrelation tails below vessels.](gr17){#fig17}

![Correction for phase-wrapping artifacts. (lhs) Phase tomogram with wrapping artifacts in positive phase shift direction in the vessel center. (rhs) Phase tomogram after unwrapping (reproduced with permission from [@bib114]).](gr18){#fig18}

![50 × 50° wide field OCT angiography: (a) OCT intensity fundus projection; (b) tomogram cross section at indicated (white line) vertical position in (a). the colors denote the depth sections for which OCT angiogram projections are taken, and combined for the RGB representation in (c). (c) OCT angiogram with color-coded depth; boxes I and II indicate large and small choroidal vasculature, respectively, (green, blue) visible together with inner retinal vasculature (red). (reproduced with permission from [@bib11]).](gr19){#fig19}

![(a) OCT fundus projection of 12 × 12° Field of view. (b) OCT angiogram of the same patch. The projection is taken from the retinal nerve fiber layer down to the outer nuclear layer. (c) Projection from just below retinal pigment epithelium down to the choroid. The dense choriocapillaris network is well appreciated (reproduced from [@bib11] with permission).](gr20){#fig20}

![(a) 3D rendered OCT angiogram of optic nerve head region, with an OCT fundus projection image below; (b) Zoomed OCT angiogram of lamina cribrosa architecture; Field of View 8 × 8°.](gr21){#fig21}

![Right macular images of a 45-year-old man with choroidal neovascularization secondary to myopia. (a) Color fundus image. (b) Fluorescein angiography (late-phase). (c) indocyanine green angiography (mid-phase). (d) En face projections of structural OCT. (e) En face projections of high-sensitive OCT angiography (reproduced from [@bib43] with permission).](gr22){#fig22}

![Left macular images of a 62-year-old man with age-related macular degeneration. (a) Color fundus image. (b) Fluorescein angiography (late-phase). (c) ICG angiography (mid-phase). (d) En face projection of structural OCT. (e) En face projections of high-sensitive OCT angiography (reproduced from [@bib43] with permission).](gr23){#fig23}
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